Fluorescence retinal imaging, such as fluorescein angiography, indocyanine green angiography, and autofluorescence imaging, are valuable tools in ophthalmology and vision science. However, these clinical imaging modalities provide en face view of the retina, with limited capability to discriminate retinal layers over a large field-of-view (FOV). We recently developed a novel retinal imaging method, oblique scanning laser ophthalmoscopy (oSLO), to provide volumetric retinal fluorescence imaging without any depth sectioning. OSLO breaks the coaxial alignment of the excitation and detection, to produce a cross-sectional view on retina using the natural ocular optics. In this paper, we demonstrated oSLO in a realistic human eye model and showed the feasibility for future in vivo human retinal imaging. A new optical design was implemented to significantly simplify our previous oSLO systems. We overcame the limitation by the small numerical aperture (NA) of the human eye, by integrating a pair of cylindrical lens in the remote focusing system. We experimentally showed that the current setup can achieve a FOV of ~3×6×0.8 mm 3 , and the transverse and axial resolutions of 7 and 41 µm, respectively. The capability of volumetric fluorescence imaging over a large FOV in the human retina could lead to new clinical imaging paradigms for retinal diseases.
Introduction
The development of modern optical retinal imaging methods has revolutionized the clinical practice of ophthalmology and vision science. Each technique has its unique strength and is best suited for certain retinal pathologies [1] [2] [3] [4] [5] . Among them, optical coherence tomography (OCT) provides 3D structural images of the retina and choroid with micrometer-scale resolution. OCT angiography (OCTA) has emerged as an important tool in imaging 3D microvasculature over a large field-of-view (FOV) non-invasively [6] . One major limitation of OCT is that it detects the scattering signal, and thus is insensitive to fluorescence contrasts [7] . On the other hand, fluorescence-based imaging methods, such as fluorescein angiography (FA), indocyanine green angiography (ICGA) and autofluorescence imaging are valuable in providing other functional information. Conversely, all the fluorescence-based imaging methods in clinics have limited capability in volumetric retinal imaging.
One common approach for all the fluorescence-based imaging methods is scanning laser ophthalmoscope (SLO) [8] . By using a flying laser beam, SLO permits imaging at low light intensities and avoids the amount of unwanted light exposure outside the focal volume. To improve the resolution and enhance the contrast, confocal gating was used in SLO to block the diffusive light [9] . In order to observe finer retinal structures, parallel confocal line was adopted in SLO systems, and lateral resolution of 3.91 µm for human eye was reported [10] . Although the lateral resolution of SLO-based approaches has gained considerable improvement, the depth sectioning ability is restricted by the depth of focus of the excitation light. Even with an optimized pinhole size, the axial resolution for the human eye is 200-250 µm due to the aberration when the pupil is fully dilated [11, 12] . Apparently, this resolution is insufficient to provide depth discrimination within retina for volumetric imaging [13] .
With the application of adaptive optics technique, the way we image the retina has been changing [14] . As adaptive optics corrects the wavefront error caused by the aberration of the imperfect optics in the human eyes, both the lateral and axial resolution of an adaptive optics scanning laser ophthalmoscope (AOSLO) could approach the diffraction limits. The lateral resolution of AOSLO is revealed to be 2 -5 µm, and the axial resolution was 37 -84.2 µm for the human retina [15] [16] [17] [18] [19] [20] [21] [22] [23] . Even though the axial resolution is improved, the volumetric imaging by AOSLO in human retina is plagued by the need for depth-sectioning and small FOV, typically within 1° -2°.
To enable volumetric retinal imaging for fluorescence contrasts, we recently developed a novel method, called oblique scanning laser ophthalmoscope (oSLO). The novelty of oSLO is that it breaks the coaxial alignment of the emission and excitation in the conventional SLO, by using the asymmetric, off-axis excitation and detection. As the off-axis excitation light creates an angle with the optical axis of the human eye, a tilted 2D cross section of the human retina can be illuminated and imaged. By sweeping the excitation light, the volumetric retinal imaging can be achieved without depth sectioning. We have previously demonstrated the success of oSLO in rats and mice in vivo over ~30° FOV with sufficient depth resolution to resolve the stratified microvascular plexus [24, 25] . As the excitation and emission light travel in two separated light paths in the previous design, two synchronized galvanometer mirrors were used for scanning and descaning, which makes the optical system bulky and complex in alignment. To overcome this disadvantage and make the oSLO suitable for the practical application in the clinic, a new optical design was implemented, resulting a compact system setup. With the novel oSLO system, we demonstrated the feasibility of oSLO for human retinal imaging using a realistic eye model. We overcame the challenge of small NA ~0.2 for human ocular optics and characterized the later and depth resolution of 7 µm and 41 µm, respectively, and a ~10° FOV. The schematic of oSLO for the human eye is shown in Fig. 1(a) . The 3D modeling in Fig.  1 (b) was used to validate the feasibility of the overall optical and mechanical design. Figure  1 (c) is a photograph of the actual oSLO system. The setup is compact that can easily be transformed for clinic used in the future.
Experiment setup and methods

The overall design of oblique scanning laser ophthalmoscopy for the human eye
The light source (LS) is a 488 nm laser with 30 mW maximum power. The laser was first coupled into a single-mode fiber and collimated by an f = 10 mm lens (L1). To maintain a confocal alignment of the excitation and detection path over a large FOV, we used a focus tunable lens (L2) to dynamically adjust the focus position of excitation light during imaging. A galvanometer mirror (GM1) was used to steer the excitation light to form a raster laser line. A right-angle prism mirror (M1) was used to separate the excitation from emission light, which was marked in different colors (blue for excitation light; green, yellow and green for emission light). On one side of the mirror, the excitation light was first relayed to the slow scanning galvanometer mirror (GM2) by 1:1 relay lens (L3: f = 50mm, L4: f = 50 mm), and further to the pupil entrance by 2:1 relay lens (L5 f = 50 mm and L6: V40LC, Volk lens, f = 25 mm). To form an oblique light sheet in the retina, the excitation light was offset from the optical axis (OP2). The offset distance is ~7mm, resulting a ~3.5mm offset at the pupil entrance. In this case, the excitation light entered the human eye from the edge of the pupil, resulting an oblique angle of the excitation light sheet to be ~10º [24] . GM2 was used to scan the excitation light so that the tilted light sheet could sweep through the retina, and also descan the emission light. At the same time, the fluorescence emission from the retina was mapped back through the relay lenses (L3-L6), and turned to the back pupil plane of OL1 (UplanFL N 20 × /0.75) by the prism mirror (M1). An emission filter F1 was placed in front of objective lens OL1 for wavelength within 500-550 nm. A stationary and tilted image could then be formed after OL1. As the image after the objective lens OL1 was tilted, the optical axis OP4 of the final imaging system (OL2: UplanFL 20 × /0.5, L7: f = 50 mm, L8: f = 10 mm and L9: f = 50mm) was also tilted to remotely focus the tilted image onto the camera sensor (BFS-U3-51S5M-C, Point Grey). The intersection angle of OP3 and OP4 could be precisely adjusted by a mechanical stage (TS) with 3 degrees of freedom, as can be seen in Fig. 1 
(c). The choice of this angle was to keep a balance between FOV and emission light collection efficiency.
As shown in Fig. 1(c) , the human eye model was placed at the front of L6 with a distance of ~22mm, allowing a pleasant working distance for the human eye. The power of the laser beam projected on the cornea was limited within 0.5 mW, which was below the maximum permissible exposure (MPE) of lasers established by the American National Standards Institute and other international standards [26, 27] . The exposure time of the camera was set to 10 ms, permitting a frame rate of 100 FPS. 2) is between OL1 and OL2. The image 3 is on the camera sensor. Due to the small NA of the human eye, the excitation light sheet has a small angle of α ~10º with respect to the optical axis. The conjugate image2 has an angle β with respect to the optical axis. The transverse magnification from 1 to 2 was designed to be = 0.2, to increase the angle β to be ~41º by the Scheimpflug condition [28] :
Optics design for low NA oSLO by using cylindrical lens
The corresponding axial magnification is then = 2 = 0.04 [29] . As a result, image 2 was heavily compressed in the axial direction and asymmetric in its two dimensions. A kitten face is used in Fig. 2(a) to vividly illustrate the unbalanced magnification in two dimensions.
To achieve a unidirectional magnification, we applied an anamorphic telescope composed of two groups of cylindrical lenses (marked with hollow arrows) to magnify the depth dimension by 5x and have no power in lateral dimension, as shown Fig. 2(a) . As a result, the overall magnifications from object 1 to image 3 were corrected to be consistent in its two dimensions, about 1:1. 
OCT imaging
A human eye OCT system described from our previous publications [30, 31] was used to characterize the physical dimension of the retina phantom and provide OCT angiography (OCTA) as a simulation image for oSLO in human FA. The system used 800-880 nm laser as light source. The exposure time for each A-line is 19.1 µs and 9.1 µs for OCT and OCTA, respectively. To acquire an OCT image, triangular waves with 50% duty cycle and a ramping voltage were used to control the fast and slow galvanometer, respectively. Each B-scan contains 512 A-lines in the forward or backward scanning direction. One OCT volume contains 256 Bscans. For OCTA, the control signal duty cycle of the fast galvanometer for OCTA is 80% and each B-scan contains 320 A-lines only in the forward direction. Three repeated B-scans were acquired at the same location in the y-direction. One OCTA volume contains 320 B-scans. To generate OCT and OCTA image, the raw data were normalized by the light source spectrum first, then several preprocessing steps were performed including removing the DC spectral component, λk resampling and digital dispersion compensation [32] . Then a Fourier transform on the interferogram generated OCT images. For OCTA, we took a similar strategy from the split spectrum strategy as in SSADA [33] , but used complex signals for angiography contrast [34] . The FWHM of the Gaussion window in our split spectrum processing was 0.10 µm -1 in k spectral space, resulting an axial resolution of ~26 µm. The axial resolution of structural OCT was ~5.6 µm. The lateral resolution for OCT and OCTA was defined by the incident beam width which was estimated to be ~8.2 µm and ~10.2 µm, respectively. We used a realistic eye model to test the feasibility of oSLO on human retina. The schematic is shown in Fig. 3 (a)-3(b), and it was modified from a commercial product (OEM-7, Ocular Instruments, Bellevue, WA). The model consists of the cornea, crystalline lens, aqueous humor, vitreous humor, and artificial retina. As depicted in Fig. 3(a) , the retina was emulated by a spherical shell of 0.5% agarose gel attached to the bottom of the eye model. Fluorescent microspheres with 3.1 µm diameter were embedded in the gel to characterize the imaging resolution. To prevent the agarose gel from detachment, a 3D printed plastic fixture was used to hold the gel in place. On the bottom of the plastic fixture, a 6 mm diameter clearance hole was designed for imaging, as shown in Fig. 3(b) .
The design of the human eye model
To measure the physical dimension of the artificial retina, OCT imaging was performed on the eye model. The theoretical resolutions in axial and transverse direction for our OCT setup were ~5.6 µm and ~10.2 µm [30] , respectively, providing sufficient measurement accuracy. Figure 3 The thickness of the artificial retina was measured to be ~0.8mm.
Data acquisition and image processing
The synchronization of the camera trigger, galvanometer GM1, and GM2 was modified from our previous publications [24] . Briefly, the camera was triggered to acquire a 2-D B-scan fluorescent image every 10 ms. In every trigger period, the fast scan (GM1) was controlled by triangular waves with 2 ms period and 50% duty cycle to create a scanned light sheet. At the end of every trigger period, the slow scan (GM2) was driven by a square wave to move an incremental step forward. When the slow scan was sweeping across the retina, the focus for the excitation was adjusted by the tunable lens with a ramping wave, allowing confocal alignment of excitation and detection. The slope of the ramp wave was determined by experimentally measuring the focal shift along the whole trip of the slow scan. In order to recover the physical geometry, the 3-D matrix was sheared by 10º using affine transformation to correct the oblique illumination angle.
Results
To verify whether this optical design could unfold the compressed depth information and balance the magnifications in the transverse and axial direction, an imaging target was fabricated, as shown in Fig. 4(a) . The fluorescent microspheres of 3.1 µm diameter were immobilized in 0.5% agarose gel, which was sandwiched between the four glass slides forming three layers of agarose gel. The thickness of every layer is 1.2 mm. To image this imaging target, the human eye model in Fig. 1(a) was replaced by a lens with f = 25mm. Figure 4 (a) and (b) are two cross-sectional images captured without and with cylindrical lens (L7 and L8), respectively. There were three agarose gel layers from left to right side of the image. The image of the microspheres is sharp and clear at the left-most layer while it gradually becomes blurred toward the right-most layer. This is because the left-most layer of the agarose is within the depth of focus of the excitation light while the other two layers are out of the depth of focus. The depth information in Fig. 4(a) was dramatically compressed. On the contrary, the depth dimension in Fig. 4(b) was magnified by using cylindrical lenses. As can be seen from the comparison in Fig. 4(a) and (b) , the width of the phantom image in Fig. 4(b) is approximately 5 times that of the image in Fig. 4(a) , which validated our optical design. The overall magnifications in the lateral and axial direction are consistent to be ~0.9. As the lens in front of the phantom has a different focal length with the realistic eye, the magnification is slightly different from the previous calculation. But it still serves as proof of the aspect ratio correction in our optical design. In order to experimentally characterize the resolution and the feasibility of the proposed oSLO, the artificial retina adhered in the bottom of the human eye model was imaged. Figure 5 shows the representative oSLO images acquired from the artificial retina. The maximum intensity projections on three planes were displayed in Fig. 5(a)-5(c) . The FOV covered half of the clearance hole of the fixture, achieving ~6 × 3 mm 2 area. The shape of the curve in Fig. 5(a) was consistent with that of the OCT result shown in Fig. 3(f) . The length of the FOV is sufficient to cover the macular area, typically ~5-6 mm in diameter. The FOV on the fast axis is currently limited by the size of the camera sensor size. Figure 5(d) -5(f) are the zoomed-in views from Fig. 5(a) -5(c). The axial resolution appeared consistent throughout the depth of 0.6-0.7 mm, which is sufficient to penetrate the entire retina for a typical thickness <0.5 mm. Meanwhile, the lateral resolutions were well maintained over the entire FOV. Due to the small diameter, the fluorescent beads served as point sources to characterize the point spread function (PSF) of our oSLO system. Three representative beads labeled in Fig.  5(d) -4(f) were randomly selected to characterize the 3D PSF. Maximum intensity projection was applied to each of the three beads along x, y and z directions with the corresponding results shown in Fig. 6(a) . Figure 6 (b)-6(d) are intensity profiles plotted through the center of each bead in three directions. To get more accurate intensity profiles, the intensity data of all the three beads in each direction was fitted to Gaussian curve. The FWHM of each intensity profile could be obtained from the fitted Gaussian curve, which are 6.5 µm, 7 µm and 41 µm in x, y and z directions, respectively. Fluorescein angiography (FA) is a major retinal imaging modality intended to visualize the vascular leakage by intravenous fluorescein injection. One primary method for FA is SLO that provides 2D images of fluorescein signals. To offer 3D information, we recently achieved volumetric FA (vFA) in rodents' retina over ~30° FOV using oSLO, which is to be implemented in human retina with the setup proposed in this paper. In order to evaluate the depth discrimination of oSLO in human retina for vFA, we performed an simulation using in vivo OCTA at macular region as the gold standard for the microvasculature, and performed one dimensional convolution to the 3D OCTA image to match the axial resolution of the current oSLO system (41 μm), as shown in Fig. 7(a) . We assumed that the convoluted images could be served as a good prediction for vFA in human retina by oSLO. We then applied maximum intensity projection to three segmented layers, as indicated in Fig. 7(b)-7(d) . Although the depth resolution of the oSLO is worse than that of OCTA, the three vascular layers in the inner retina could still be separated, as well as the retina circulation and choroidal circulation. Therefore, a similar depth discrimination ability should be achieved by oSLO when it is applied to the living human retina.
Discussion and conclusion
We have proposed a new oSLO system for human retina volumetric fluorescence imaging and have assessed its feasibility and resolution using a realistic eye model. Both the optical property as well as the artificial retina are similar to that of a real human eye. The dimension of the artificial retina is precisely measured by OCT. The resolution of oSLO was assessed to be 6.5 µm, 7 µm and 41 µm in x, y and z directions, respectively, over a FOV of 2.8 × 6 × 0.8 mm in x-y-z. The fast scan x dimension is currently limited by the size of the camera sensor and magnification, which can be improved by a larger sensor size and proper magnification. With 10 ms exposure time, the current frame rate could reach 100 fps. By limiting the power of the incident laser beam to 0.5 mW, the imaging procedure is safe for the human eye and compliant to laser safety standard. Therefore, we conclude that the proposed oSLO is feasible for volumetric fluorescence imaging in human retina, providing depth resolution that has been challenging for all the existing fluorescence-based retinal imaging modalities.
The design of the magnification ratio in the detection path, as well as the adoption of cylindrical lenses, overcome the challenge raised by low NA in the human eye in two aspects. Firstly, the tilted image can be increased from 10º to 41 º allowing enough space for subsequent optical components; secondly, as shown in Fig. 2 , the heavy compression in the axial direction is optically expanded, and the overall symmetrical magnification is achieved. Due to the small NA of the human eye (equivalent to a small NA objective lens in a microscopic setting), the depth resolution of oSLO is fundamentally limited at several tens of microns [28] . Nevertheless, we demonstrated a depth resolution ~41μm without correcting any aberrations, sufficient to separate retinal circulations by different layers, and from choroidal circulation ( Fig. 7) .
There are several revenues to further improve our human eye oSLO system. Firstly, the efficiency of the fluorescent collection is limited by the tilted objective lens OL2 in the proposed image system. Applying water immersion objective lens OL2, such as the method described in oblique illumination microscopy [35] , would improve the efficiency of the fluorescent collection. Secondly, although 10ms exposure time was demonstrated in the proposed method, the frame rate was limited by the data transfer speed of the currently used camera. This speed can be dramatically improved by adopting a high-speed scientific CMOS camera. Thirdly, our system was built up with off-the-shelf lenses and suffered from the aberration of the human eye such that it did not reach the theoretical limit. Improvements can be achieved by optimizing the off-axis performance and correcting human eye aberration. Finally, all images are shown as acquired, without reconstruction and deconvolution. Additional image processing, such as model-based or inter-plane deconvolution, can be used to improve the resolution [36] .
To conclude, a novel oSLO for the human eye, which is capable of volumetric fluorescence retinal imaging, is presented for the first time. The depth resolution is very completive with traditional SLO. The feasibility of the proposed method is demonstrated under a human eye model showing great potential for clinical application.
